All rights reserved White paint, foam, fog, clouds and biological tissues have a common feature: all of them appear visually opaque. This particularity is due to the fact that visible light travelling in these materials experiences scattering phenomena rather than absorption. Inside these materials (diffusive media), photons can be roughly described as bouncing balls in a random structure: photons travel in random pathways caused by thousands of elastic scattering events; only a few of these photons which encounter a chromophore (absorbing centre) will be lost.
Introduction
D. Contini et al., J. Near Infrared Spectrosc. 20, 15-27 (2012) Received: 12 December 2011 n Revised: 13 February 2012 n Accepted: 15 February 2012 n Publication: 8 March 2012 Special Issue on Medical Applications initial propagation direction of a photon. In fact, the reduced scattering coefficient can be interpreted as the reciprocal of the average distance that a photon travels in diffusive media before its initial direction could be considered completely randomised.
Near infrared spectroscopy
The aim of diffuse light imaging and spectroscopy is to monitor tissue physiology in depth (a few centimetres below the tissue surface), 1 Here, we cannot consider traditional optical spectroscopy or traditional microscopy because traditional techniques require optically thin samples. In addition, absorption cannot be high because light should be able to reach tissue structure located centimetres below the surface. In the visible-NIR range, the absorption of the main constituents of biological tissues (haemoglobin, water, lipid and collagen) is low (m a lower than 0.5 cm −1 ), while the scattering due to organelles and other microscopical refractive index mismatch is large (m s ¢ in the range between 5 cm −1 and 25 cm −1 ). The photon migration in biological tissue can be described with a diffusion equation because scattering is predominant with respect to absorption (for further details see Martelli et al. 2, 3 ). Considering the photon fluence rate at a certain wavelength, f(r,t), (number of photons per unit area and time: photons cm −2 s −1 ), it is possible to derive from an energy balance in a small volume inside the medium: where D is the diffusion coefficient, D(r) @ n/3m s ¢(r), and n is the speed of light inside the medium. The left hand side of Equation (1) is the increasing rate of the number of photons inside the considered volume that is equal to the balance between the number of photons scattered from other directions inside the volume per unit time, the photons generated by light sources eventually present inside the volume [respectively first and second terms in the right hand side of Equation (1) ] and the number of photons which are absorbed inside the volume per unit time [third term in the right hand side of Equation (1) ]. Another important feature is that, in the NIR range, the spectra of major tissue chromophores differ significantly (see Figure 1 ). In particular, oxygenated haemoglobin (HbO 2 ) and deoxygenated haemoglobin (HHb) can be discriminated on the basis of their spectral fingerprint 4 and, therefore, diffuse optical methods are sensitive to haemodynamic and tissue oxygenation. In fact, by quantifying both HbO 2 and HHb, it is possible to estimate the total content of haemoglobin (sum of the two haemoglobin species), the oxygen saturation (ratio between oxy-and total haemoglobin) and to follow their evolution with repetitive measurements. These features make NIR spectroscopy particularly powerful for the investigation of a variety of problems. For example, the greater vascularisation and oxygenation of tumours in comparison with the surrounding tissues can be used in order to detect malignant tissue by means of optical techniques. A similar approach can be applied to identify brain bleeding or changes in brain cortex oxygenation associated with brain activation, or muscle physiology and function.
FIGURE 1
1.E-04 The absorption coefficient at a certain wavelength can be expressed as a function of the chromophore concentration inside the medium: m a (l) = e(l)c (2) where e(l) is the molar specific absorption coefficient array (M −1 cm 2 ) and c (M cm −3 ) is the molar concentrations array. To evaluate the concentrations of n chromophores of interest, it is necessary to measure the absorption coefficient for n different wavelengths in order to solve the linear system composed by n equations, each similar to Equation (2) (one for each wavelength). In particular, if we are interested in the tissue oxygenation, we need to evaluate m a at two different wavelengths in order to discriminate HbO 2 and HHb (regarding the wavelength selection, see the Instrumentations section).
There are three different approaches to measure this optical parameter. They differentiate in terms of the type of light sources employed: continuous wave (CW) light, amplitude-modulated light or frequency domain (FD) approach and pulsed light or time domain (TD) approach (see Figure 2 ). Obviously, the choice of the light source influences the instrumental apparatus, its cost and the models applied to analyse data. In the following sections, the different techniques are presented from a theoretical point of view while, in the last section of the paper, we focus our attention on different instrumental approaches.
Continuous wave technique
This technique measures the attenuation of light injected into a sample. In a transparent (non-diffusive) material this simple measurement should be sufficient to evaluate the absorption coefficient of the medium: from the Beer-Lambert law we can calculate the absorption coefficient, knowing the distance between optodes, i.e. the straight photon pathlength:
where A(t,l) is known as the attenuation at the time, t, for the wavelength l, I out (t,l) is the re-emitted light from the sample at the time, t, for the wavelength l, I in (t,l) is the injected light into the sample at time, t, for the wavelength, l, and d is the distance between optodes which, in a transparent medium, equals the pathlength of photons in the sample. In biological tissues in the NIR range, Equation (3) cannot describe light absorption, since the signal attenuation is caused predominantly by photon scattering. Thus, the measurement of only light attenuation cannot discriminate between absorption and scattering effects. This problem can be solved by modifying Equation (3), taking into account the ulterior losses and the uncertainty regarding the photon mean pathlength which is introduced by scattering. Adding these correction factors and expanding m a , Equation (3) becomes:
where DPF(l) is the differential pathlength factor accounting for the increase in pathlength (r) between the source and detector for light being scattered and G(l) is the term accounting for the loss of photons due to scattering. Equation (4) takes the name of modified Beer-Lambert law. 5, 6 With this equation, an absolute estimation of chromophore concentration is impossible without a measurement of G(l). However, changes in the chromophore concentrations can be evaluated considering that the scattering coefficient does not vary:
The accuracy of Equation (5) is affected by the scarce knowledge of DPF(l) that should be measured. Normally values for the DPF are tabulated but the heterogeneity of population and tissues types are not considered; for this reason, it is important to clearly state which DPFs were used. However, this approach is interesting and useful for many applications, thanks to the excellent signal-to-noise ratio and to the manageable configuration that CW systems normally exhibit. Measurements of the attenuation of light between two points on the surface of a tissue are not only straightforward and inexpensive, but also contain a remarkable amount of useful information, as demonstrated by clinical successes. 7 Patterson et al. 8 proposed a methodology for the absolute assessment of the tissue absorption coefficient exploiting CW measurements performed at different inter-optodes distances (in the range from 3 cm to 4.5 cm). They demonstrated that in the diffusion approximation:
where r is the inter-optodes distance. Measuring the linear interpolation of light attenuation at different inter-optodes distances and estimating the reduced scattering coefficient, it is possible to calculate the absorption coefficient without using the DPF. The accuracy of the results depends on the knowledge of m s ¢, but simply considering the m s ¢ dependence on wavelength (Mie scattering theory) and performing measurement of A(t,l) at different wavelengths it is possible to estimate oxygen saturation. This is a significant advantage; in fact, only using the DPF methodology, changes in HbO 2 and HHb concentrations can be retrieved. The multi-distance approach is often used in CW instrumentation (one of the first examples was reported by Matcher et al. 9 ).
There are certain disadvantages associated with CW imaging. 10 The first is that intensity measurements are more sensitive to the optical properties of the superficial layer of tissues rather than to the optical properties of regions localised deeper within the tissue. This is due to the characteristic "banana" shape (see Figure 3 ) of the volume of tissue over which the measurement is sensitive (known as the photon measurement density function), which is narrow near sources and detectors and very broad in regions between them. 11, 12 For the same reason, the detected intensity is highly dependent on surface coupling. In fact, the presence of hair or local variation in skin colour can also have a major influence on intensity measurements. 1 The increase of separation between light injection and collection enhances the depth sensitivity of CW measurement, because the photon measurement density function is enlarged and its extension reach deeper regions inside the medium (normally the inter-optodes distance is around 3-4 cm). However, the sensitivity to superficial layers is always an issue and systemic changes in the optical properties of tissue can be confused or misinterpreted as changes in depth. This aspect can be partially resolved by performing measurements at two different inter-optode distances: a small one (less than 1 cm) and a larger one (3-4 cm); in this way, the small distance optodes will investigate only the superficial layer of the tissue probing the systemic changes in haemoglobin concentration, while the larger distance optodes will probe both the superficial and deeper tissue regions. Information obtained from the former measurement can be used to correct information of the latter one, decreasing its dependence on superficial/systemic optical parameter changes and increasing the signal contrast due to the deeper ones.
Time domain technique
Time domain (TD) systems employ pulsed laser sources. The temporal distribution of re-emitted photons when a pulse of light propagates through a highly scattering medium is generally known as the temporal point spread function (TPSF), which normally extends over several nanoseconds. We can consider the TPSF, in which the information about tissue optical properties is encoded, as the impulse response of the tissue. In contrast to CW measurements, TD measurements take into account the effect of multiple scattering, since photon pathlength is directly related to the time-of-flight in the medium. Following the injection of the light pulse in a turbid medium, the temporal distribution of the re-emitted photons will be delayed, broadened and attenuated. To a first approximation, the delay is a consequence of the finite average time that photons take to cover the distance between source and detector. Broadening is mainly due to the many different paths that photons undergo as a result of multiple scattering. Finally, attenuation is observed since absorption reduces the probability of detecting a photon and diffusion into other directions within the medium decreases the number of detected photons in the considered direction. In particular, absorption affects the asymptotic slope of the TPSF tail. 14 Thus, in principle, it is possible to discriminate absorption and scattering coefficients
Iin Iout independently, for instance by fitting the experimental TPSF with a suitable theoretical model describing the propagation of photons in a highly diffusive medium. 15 However, the most important feature of the time-resolved approach is that the penetration depth is naturally encoded in the photon arrival time distribution. In fact, photons that travel for a few hundreds of picoseconds inside the medium have a low probability of reaching the deeper region of the tissue, while photons that spend more time (nanoseconds) within the tissue have a greater probability of encoding signals from tissue in depth. By solving Equation (1), it is possible to obtain the photon time distribution exiting a turbid medium at a certain distance from the light injection point (for a detailed description see Martelli et al. 2 ). For a simple geometry, where injection and detection point are on the same sample surface (typical arrangement for brain or muscle measurements) and for the simplest case of a semi-infinite medium in which a delta like laser pulse is injected, the solution of Equation (1) is:
is a term depending on the reduced scattering coefficient and the boundary conditions. 1 Looking at Equation (7), it is worth noting that m a and m s ¢ are completely decoupled, thus it is possible to estimate the absolute value of absorption coefficient by fitting the experimental data with the proper theoretical model and calculating the absolute values of chromophore concentrations. Knowledge of the temporal distribution of photon overcomes the first problem of CW measurements: the impossibility to directly obtain absolute quantifications. Obviously, the accuracy of the fitting method depends on the accuracy of the theoretical model and on the knowledge of the bulk optical properties. 16 Analytical solutions of Equation (1) can be obtained only in simple cases 2 (planar geometry and simple structures), for more complex geometry and sample structures (for example the head), numerical solutions based on the finite element method approach 12 or based on Monte Carlo simulations 17 can be employed. The fitting procedure shows a lower signal-to-noise ratio than the analysis of CW measurements with the modified Beer-Lambert law. Often, during functional measurements, in particular of brain activity, changes of HbO 2 and HHb concentrations have very low contrast (a few percent).
The second, and main, feature of TD measurements is that depth information is naturally encoded in time and is independent of the distance between injection and detection points, in contrast to the CW measurements (see Figure 3 ). In fact, by analysing the first part of TPSF, information coming from the superficial layer is enhanced, while, focusing the attention on the tail of TPSF, information coming from deeper layers is obtained. It would be possible to exploit this feature in order to discriminate between systemic haemodynamic changes occurring in the first layers of tissue (for example skin) and deeper ones related with brain or muscle activity. [18] [19] [20] There are mainly two approaches to exploit this feature: the first is the time-gated approach, while the second is the moments approach. Time gating involves dividing the TPSF in slices centred at different times. The changes in the number of photons in each slice between two different TPSF (one used as reference status and the second measured during an activated status), permit the calculation of the changes in the absorption coefficient caused by the functional activation of the tissue. In particular, the first slices of the TPSF give information about haemodynamic variations which have occurred in superficial layers, while the last slices of the TPSF give information about deeper haemodynamic variations. 18 The moments approach exploits the different depth sensitivity shown by the TPSF moments. Integral and the first moment of TPSF are mainly sensitive to superficial changes (the integral of TPSF is equivalent to the CW measurement), while the second moment of TPSF (the variance) is sensitive to deeper changes. 19, 20 In contrast to time gating, moments are independent on instrumental characteristics; however, the calculation of chromophore concentration calculations starting from variance is not straightforward.
It can be beneficial to apply both types of data analysis in order to exploit both features of TD measurements: the possibility to obtain absolute measurement and to determine the signal provenance. In fact, the haemodynamic basal level can be estimated by applying the FIT procedure to TPSFs acquired during the resting state, overcoming the low signalto-noise ratio of this procedure simply by averaging TPSFs acquired over a period of seconds. Focal changes in optical properties due to functional activity of the brain cortex or muscle can be estimated by applying the time gating or moment procedure.
Frequency domain technique
In principle, time-resolved data can be translated in the frequency domain (FD) by exploiting the Fourier transform. This implies that the information contained in data should be the same, and it is possible to discriminate absorption and scattering coefficients and to obtain absolute quantification of chromophore concentrations. The idea on which FD is based is to directly acquire frequency data employing sources that are amplitude modulated and to measure the reduction in amplitude and phase shift of the output signal. Absorption and scattering affect amplitude and phase differently: amplitude encodes information regarding m a and phase measurements are used in order to evaluate the photon pathlength instead of estimating it as in CW measurements. It is also possible to write the diffusion equation in the frequency domain and to solve it as in the time domain, 21 fitting m a and m s ¢ directly. The choice of the modulation frequency establishes the achievable spatial and temporal resolution and the sensitivity to absorption and scattering coefficients.
TPSF inevitably contains more information than a single phase and amplitude measurement at one source frequency; in fact, the frequency content of the TPSF extends up to several gigahertz. FD measurements should be performed at several modulation frequencies in order to collect the same information as a TD measurement.
Instrumentation
Instrumentation for functional NIR spectroscopy of muscle or brain is based on four main components: sources, systems for injection/collection of the light, detectors and acquisition/ processing of the signal. The particular characteristics of each component depend on the type of measurement scheme implemented: CW, TD or FD. However, some components are independent of the type of instrumentation.
The choice of the light source wavelengths does not depend on its modulation but only on the spectral fingerprints of the chromophores of interest and on the background optical properties of the surrounding tissue. In particular, for the study of the oxygenation in muscle and brain activity, the two wavelengths in the NIR range used for the discrimination of HbO 2 and HHb are normally chosen on the opposite sides of their isosbestic point (around 800 nm), in order to maximise the accuracy in the discrimination of the two haemoglobin species. 10 Obviously, with this choice, the total absorption of the entire tissue must be taken into account in order to have a sufficient signal-to-noise ratio to explore tissues in depth. In this framework one wavelength should be in the range between 650 nm and 760 nm and the other around 830 nm [22] [23] [24] (see Figure 1 ).
Light injection into the tissue and the collection of the remitted photons show the same issues for the three kinds of instruments (CW, TD and FD). In all three cases, light must be delivered to the tissue in one or more locations at the same time, or sequentially, and the diffused photons exiting the tissue must be collected in one or more points in order to be detected. Normally, the light is injected and collected by means of single fibre optics or a bundle of fibre optics. Only in the case of CW instrumentation it is common to couple sources and detectors with the sample, as a result of their possible miniaturisation. This layout is associated with an increase in the coupling efficiency but it needs electrical insulation in order to electrically uncouple the sample and the instruments for safety reasons. The use of optical fibres naturally solves this problem by placing the instrument in a lower risk class due to the impossibility of having a short circuit between the subject and the set-up, even if probes based on fibre optics are slightly less robust and often less flexible, increasing the discomfort of the subject. For functional measurements of brain cortex activity, the direct contact scheme can also be used in the parts of the head with hair, although the mounting of the probe can be tedious and time consuming. In some cases, the excessive time for the subject preparation can limit the use of this approach to measurements on the forehead. Whatever the coupling method used, the optical contact between the sample and the instrument is critical for obtaining good results. In fact, movement artefacts can be reduced with a proper design of the optical probe. This aspect is fundamental both for brain and muscle studies, especially during muscle contractions.
The choice of detectors for NIR spectroscopy instruments strictly depends on the type of laser sources implemented. With pulsed sources, the detectors must have a fast response and be very sensitive: up to the single photon detection, with CW sources we can use both solid state detectors and photo tube detectors operating in a simpler linear regime.
The acquisition component consists of readout and elaboration electronics for the electrical signal provided by the detector. In CW measurements, it is sufficient to read and digitalise the current proportional to the detected signal, while in frequency and time domains, the electronics are more complex. In particular, in FD, a heterodyne demodulation set-up is used to acquire phase and intensity information, while in TD a time correlated single photon counting (TCSPC) electronic chain is often employed to reconstruct the time distribution of the photons exiting the sample.
In the following sections, we give a brief overview of the most frequently used instruments in the field of NIR spectroscopy for muscle and brain studies analysing their main characteristics (see Ferrari and Quaresima 25 and Cutini et al. 26 for a review of these two applications).
Continuous wave instruments
Many CW instruments are already on the market for the study of brain and muscle oxygenation, 27-37 as demonstrated in recent reviews. [38] [39] [40] [41] [42] [43] [44] In CW regime, the sources used are light emitting diodes, 27-31 which are very compact and integrable directly into the measurement probe, or laser heads [32] [33] [34] [35] [36] [37] which are more complex to use and to integrate, but with higher available power. We can find instruments working with two wavelengths, [27] [28] [29] [30] 32, 34 with three 33,35 or four. 31, 37 Normally, in CW instruments, all the wavelengths are coupled in the tissue at the same time and in the same place and the sources are modulated at a few kilohertz in order to perform a demodulation of the detected signals to distinguish between the different wavelengths. The solution of modulating the light sources can be extended; in fact, this approach called "frequency multiplexing" can be used not only to distinguish the wavelength of the detected photon but also the spatial provenance. By multiplying the number of sources and modulating them with a slightly different frequency, it is possible to continuously shine light on the sample and simultaneously collect re-emitted photons in different positions, therefore measuring light attenuation in tens of points at the same time. The frequency multiplexing scheme has the disadvantage that the shot noise, which is not frequency specific, is combined from all light sources which are on at the same time and it cannot be separated for each light source. Another drawback of this approach is the fact that, by increasing the number of injection points and consequently the number of frequencies, the lock-in detection scheme becomes more complex, because of the increase in the number of possible demodulation frequencies. Different instruments with imaging capabilities are based on this approach; see, for example, the FOIRE 3000 33 provided by Shimadzu and the ETG-4000 34 provided by Hitachi, both with up to 52 measurement points. A second way to obtain imaging capabilities without increasing the complexity of the detection system is based on the time multiplexing of the sources. Light is simply shone in the different injection points sequentially, by means, for example, of an optical switch. In this way, it is possible to reconstruct the entire image after each switching sequence (see, for example, NIRScout 29 ). The main drawbacks of this approach are the low number of measurement points and the fact that the maximum acquisition rate is limited by the number of injection points in the sequence and by the achievable signal-to-noise ratio of a single measurement. Obviously, this second approach permits a reduction in the dimensions of the system and its costs.
There are two different modes of delivering light to the sample and collecting re-emitted photons: either by means of optical fibres or by directly integrating sources and/or detectors in the optical probe. The former is used in all cases in which the electronics for modulating the sources and/or demodulating the detected signal are bulky or when the number of injection and detection points is large. 29, 33, 34 The latter is used in all cases in which the number of points is limited. 27, [30] [31] [32] 35, 37 In the cases in which injection and detection systems are completely integrated in the probe, it is possible to construct a wireless system by adding a radio transmitter/receiver in the probe. 27, 30 The wearability of these systems limits the number of measurement points to one or two, which is not enough to realise functional brain imaging but sufficient to perform, for example, monitoring of muscle fatigue. When detectors are directly in contact with the sample, 27, [30] [31] [32] 35, 37 it is easier to implement a multi-distance measurement performing spatially resolved spectroscopy (see previous sections) in order to estimate the absolute values of the tissue oxygenation status (tissue saturation index or tissue oxygenation index).
Regarding detectors, various semiconductor photodiodes are available, usually offering very good dynamic range at low cost. 27, 29, 30, 35 Avalanche photodiodes 32, 34 are generally the most sensitive among the semiconductor detectors. However, for larger sensitivity areas, photomultipliers (PMTs) 33 are required.
CW systems can provide very fast sampling rates: up to 100 Hz when few channels are used down to 10 Hz when imaging system are employed.
Frequency domain instruments
In vivo FD measurements were introduced in the 1990s (see for example Lakowicz and Berndt 45 and Chance et al. 46 ). FD instruments were used for both muscle and brain studies (for examples see reviews on NIR spectroscopy [39] [40] [41] [42] [43] [44] [45] and more recent applications of this kind of instrumentation [47] [48] [49] [50] [51] [52] [53] [54] [55] [56] [57] [58] [59] ). An example of an FD instrument is also commercially available. 61 In FD regime, sources are modulated at a few hundreds of megahertz. It is possible to modulate a CW source using an external device based on the electro-optical or the acoustooptical effect. 60 It is easier and more cost effective to directly modulate the sources; for example, driving diode lasers with amplitude modulated current, reaching a bandwidth of gigahertz, or light-emitting diodes, reaching a bandwidth of hundreds of megahertz. However, both for external and internal modulation, systems require a radio-frequency oscillator to drive the source and to provide a reference signal for the phase measurement. The wavelengths used are the same as those employed in CW instruments. The most common commercial systems 61 work with two wavelengths (690 nm and 830 nm).
In principle, as for CW systems, in the FD it is possible to encode wavelengths and positions using a proper modulation frequency in the MHz range 62 but, in FD, the complexity of the acquisition electronics increases.
All the detectors used for CW measurements can also be employed for FD measurements. The faster the detector, the higher is the achievable modulation bandwidth. 60 For example, solid state detectors (photodiodes, avalanche photodiodes) are faster than PMTs, allowing bandwidths of up to the gigahertz range. In FD, detectors are part of a demodulation electronic chain. There are two different approaches: internal and external demodulation. In the former scheme, detector gain is directly modulated at the proper frequency; in this way, the electrical output of the detector is naturally demodulated. In the latter scheme, the gain of the detector is constant and its output is demodulated using an external electronic mixer. Heterodyning is commonly performed to convert the radiofrequency to a few kilohertz prior to phase detection. The detected signal is digitised over an appropriate period of time, and phase and amplitude are computed. 10 FD systems are inexpensive, stable and can provide fast sampling (up to 50 Hz). Thus FD systems are well suited to acquiring measurements quickly and at relatively highdetected intensities. FD systems can be easily miniaturised and take advantage of highly optimised components. Further, the low-frequency noise is naturally suppressed because of the signal modulation and the subsequent demodulation, reaching a very high signal-to-noise ratio if compared to CW or TD systems. On the other hand, when the signal is very low, it can only be detected using the powerful pulsed laser sources and photon counting techniques incorporated into TD systems.
A variety of frequency domain systems have been developed for both optical topography 63, 64 and optical tomography. 65 
Time domain instruments
In vivo TD measurements were introduced at the end of the 1980s (see for example Chance et al. 66 and Delpy et al. 67 ). In the literature, in comparison to the high number of studies employing CW and FD instruments, there are few papers regarding TD functional NIR spectroscopy for brain and muscle studies. [68] [69] [70] [71] [72] [73] [74] [75] [76] [77] [78] [79] Furthermore, to our knowledge, only one commercial system, 80 available only in Japan, (TRS-20, Hamamatsu Ltd, Japan) works in the TD regime.
In TD NIR measurements, the instrument itself distorts the TPSF, because its pulse response is not a delta function, but shows a certain shape. To take this aspect into account, the theoretical model must be convolved with the instrument response function. 81 The narrower the instrument response function, the better is the accuracy of FIT, an important consideration during the design of the instrument. The instrument response function shape depends on three main components of the instrumentation: light source (for example, diode lasers show larger pulses than other kinds of laser and are more expensive and bulky), detectors (for example, solid state detectors show a narrower pulse response than photomultipliers, but smaller active area) and light delivery fibres (fibres with lower numerical aperture have less modal dispersion but also lower light collection efficiency). Each of these three parts can be tailored in order to optimise the instrument response function.
For this reason, in TD systems the source is a pulsed laser with high repetition frequency (>40 MHz), narrow full width at half maximum (< 150 ps), sufficient output average power (about 1 mW) and small dimensions to be used in a clinical environment. Different groups have built TD systems employing semiconductor pulsed lasers 80,82-85 which are very compact and robust for clinical use, but are associated with some drawbacks in terms of available average power with narrow pulses. As for CW instruments, in the TD we observe two different approaches in the choice of wavelengths. In fact, in some instruments, only two wavelengths 82 are employed in order to reduce the complexity of the system, while in some other cases, the employed wavelengths are three 80, 83 to strengthen the accuracy of the haemoglobin concentration estimation. Independently of the number of laser sources, there are two possible injection strategies: time multiplexing or space multiplexing. 86 In the former, all the wavelengths are injected in the same point but temporally delayed (some nanoseconds) and the detected photons are discriminated by means of their arrival time. The only constraint is that the delay between pulses at different wavelengths is greater than the broadening experienced by the pulse travelling into the tissue but lower than the repetition period of the pulsed source; hence the overlap between different wavelengths or between different pulse repetitions is avoided. Conversely, in the second strategy, the different wavelengths are injected in different points at the same time and, when a sufficient amount of signal is recorded, the wavelengths are exchanged; at the end of the measurement for each spatial point there are TPSFs at all the wavelengths. The only constraint is that the signal-to-noise ratio must be sufficient to collect all the TPSFs in 1 s or less in order to be sure that the haemodynamic status of the sample does not change during the measurement, otherwise the TPSFs at the different wavelengths cannot be considered simultaneous in the haemodynamic time scale. 86 To measure the TPSF, a detector and an acquisition system with a temporal resolution of picoseconds is necessary. The first detector with these characteristics employed in a TD system was the Streak Camera that achieves a temporal resolution of 1-10 ps. 87 The principal disadvantages of streak cameras are the high cost and relatively small effective light collection area. 88 Despite this, as a result of the unrivaled temporal resolution and to the ability to easily perform broadband multi-wavelength measurements, streak camera-based set-ups are currently being used for characterisation of diffu-sive media. [89] [90] [91] However, high costs limit the use of streak cameras for clinical applications.
An alternative means of measuring entire TPSFs is a device based on the TCSPC technique. The TCSPC technique exploits the fact that, for low level and high-repetition-rate signals, the light intensity is so low that the probability of detecting one photon in one signal period is far less than 1. Thus, it is sufficient to record the photons, measure their arrival time in the signal period (i.e. the time interval between the injection of two laser pulses into the sample) and store this information. After the detection of many photons, the distribution of the detection times (i.e. the waveform of the optical pulse) builds up. A pulsed laser source with a repetition rate of tens of megahertz is required in order to reduce the recording time of the entire TPSF. The arrival time of the individual single photon should be measured with high precision. The bandwidth of a photon counting experiment is therefore limited only by the transit time spread of the detectors and not by the width of the single-photon pulses (the single electron response). The transit time spread is usually one order of magnitude narrower than the single electron response; thus TCSPC obtains a significantly higher time-resolution than any analogue recording technique. This technique generally requires a photomultiplier tube as detector. A PMT can be broken by an excess of light; for this reason, systems employing these detectors need to be protected to avoid excessive light exposure. PMTs for single photon counting with transit time spread of 150-200 ps are available, but for a significantly shorter transit time spread (<50 ps) it is necessary to employ a microchannel-plate PMT. Compared to Streak Camera, TCSPC systems offer a superior light collection area at a substantially reduced cost. However, only in the last decade, TCSPC has replaced the Streak Camera because the maximum count rate of the recording electronics has increased by two orders of magnitude. State-of-the-art TCSPC devices work at count rates of several million photons per second. Since, in good instruments, the noise is mainly due to shot noise, this means that time domain instrumentation has an inherently low signal-to-noise ratio compared to other systems that can handle orders of magnitudes more photons (such as FD and CW systems). For a more detailed description of the TCSPC technique see Becker. 92 TD systems can also perform imaging by multiplying the number of measurement points. This can be obtained by increasing the number of injection points and activating them sequentially; for example, by means of an optical switch 82, 83, 85 and by increasing the number of independent simultaneously operating detectors 82,84 that can operate simultaneously. This approach is limited by the achievable acquisition rate and the instrument dimensions. In fact, by multiplying the number of injection points, the total amount of measuring time increases because all the TPSF acquisitions are performed sequentially. While increasing the number of independent detectors, the measuring time does not change, but the instrument becomes bulky. Different solutions have been implemented in the construction of TD imaging systems: increasing the number of injection points but maintaining a low number of detection channels 83 or increasing both detectors and injection points 82 reaching the limit in terms of tolerable dimensions and complexity of the system. Whatever the adopted scheme, the achievable acquisition rate, with a good signalto-noise ratio, with this typology of instrument, is around 1 Hz with the maximum number of measurement points (tens of points). By reducing the number of points, the acquisition rate can be reduced down to 50-100 ms. Differently from CW and FD, where modulation is used to encode wavelengths and place, in TD it is impossible to collect photons in the same detectors coming from more than one injection point at the same time because it would be impossible to distinguish between photons coming from different locations. Recently, a novel approach to TD measurements was proposed in which the pulsed source is modulated with a pseudo random code obtaining the equivalent in TD of the light modulation in the CW or FD regime, thus allowing the simultaneous acquisition at each detection point of the photons coming from all the injection points. 93 This type of detection scheme needs further testing before being implemented in a clinical instrument.
As observed in the previous theoretical paragraphs, the depth sensitivity of the TD approach does not depend on the distance 94 between injection and detection points; by exploiting this feature, a novel class of prototypes was born. [95] [96] [97] The key advantages of these systems are: the increase of spatial resolution and achievable signal-to-noise ratio thanks to the small distance between injection an detection points. Up to now this novel type of TD instrument is at a prototype level and no clinical versions are available. However, the possibility to perform a TD measurement placing injection and detection fibres one close to the other is promising.
Conclusions
We have reviewed theories and their instrumental implementations used for studying the oxygenation of muscle and brain cortex. In particular, we considered three different approaches for functional near infrared spectroscopy: the CW technique, FD technique and TD technique. We have analysed the common layout of these instruments, focusing our attention on their main components: sources, injection and collection optics, detection and acquisition electronics. Starting from a theoretical standpoint, we have highlighted the different technical choices implemented in these three types of spectroscopy showing their main features, similarities and drawbacks.
